Bone undergoes continuous remodeling in response to mechanical loading. However, the underlying mechanisms by which bone cells respond to their changing mechanical environment, that is, strain in the load-bearing matrix or fluid flow through the canalicular network, are not well understood. It has been established in vitro that bone cells respond differently to substrate strain and fluid shear stress treatments. Uncovering the mechanical basis of these differences represents a significant challenge to our understanding of cellular mechanotransduction and bone remodeling. To investigate this problem, we developed a biomechanical model of an adherent cell, to test the hypothesis that bone cells respond differently to 0.6 Pa fluid shear stress and 1,000 µε substrate strain stimulation because of qualitative and quantitative differences in the cellular deformation caused. Fluid shear stress loading conditions resulted in maximum displacements at the apical surface of the cell ~8 times higher than those due to strain at the cellsubstrate interface and also caused higher stressing of all parts of the cell. Significantly, this shows that the deforming effects of fluid shear stress and strain on a cellular level are qualitatively different, which may provide a basis for explaining differences in bone cell responses to both stimuli as reported in several studies. Although our approach to modeling the morphology and complex physical environment of an adherent cell is certainly simplified, our results do show independent roles for fluid flow and strain as mechanical stimuli and highlight the importance of deformation on a cellular level in bone physiology.
strain as a result of deformation in the load-bearing matrix (3) and strain-induced fluid flow through the lacuno-canalicular network (4) (5) (6) . To examine the effect of strain and fluid flow on cells, a variety of apparatuses have been used to apply strain and fluid shear stress to bone cells in culture (7) . Bone cells have been found to respond to fluid shear stress with increases in intracellular calcium concentration (8) and the release of signaling molecules (9) (10) (11) (12) , while strain has been found to increase the production of matrix proteins (13) and collagen type I (14) , cell proliferation (15) , and c-fos gene expression (16) . Studies in which bone cell responses to both fluid shear stress and straining treatments have been directly compared also report large differences in responsiveness to both mechanical stimuli (17) (18) (19) . Revealing why bone cells should respond differently to these two kinds of mechanical stimulation represents a significant challenge to our understanding of cellular mechanotransduction in mechanobiology. In particular, we would like to know if there are any qualitative and quantitative differences in cell deformation under the magnitudes of stimulation used in in vitro experiments.
Previous approaches for computational modeling of cells have treated the cytoplasm and cytoskeleton as a continuum. Examples of this approach include models of suspended cells comprising a cortical membrane and viscous cytoplasm (20) , a chondrocyte embedded in its extracellular matrix (21) , layers of airway epithelial cells (22) , and a three-dimensional model comprising a membrane/cortex and viscoelastic cytosol (23) . However, a growing number of studies have highlighted the importance of the cytoskeleton in providing structural stability in adherent cells and in transmitting mechanical loads from the cell surface through the cytoplasm into the nucleus (24, 25) . For this reason, the cytoskeleton has been modeled as a percolation network of fibers in a viscous cytoplasm (26) . Other similar approaches that model the cytoskeleton explicitly include the tensegrity approach. In this approach the cytoskeleton is considered to be a stress-supported network of interconnected filaments and tubules (27, 28) . By attributing a central role to cytoskeletal contractile forces (prestress), the tensegrity approach has described several aspects of cellular structural behavior (29) . It is our opinion, however, that a cell model combining many structurally significant cellular components in an idealized morphology, to which mechanical loads could be applied, would be a valuable tool in investigating the deforming effect of fluid shear stress and strain stimulation on a cellular level.
In the present paper, we describe an experiment in which we measured the NO, PGE 2, and collagen type I response in human bone cells to fluid shear stress of magnitude 0.6 Pa and substrate strain of magnitude 1,000 µε using identical culturing protocols, such that cellular responses to the two mechanical loading treatments could be directly compared. We tested the hypothesis that differences in bone cell response to both magnitudes of fluid shear stress and strain can be explained by the amount of cellular deformation caused. For this purpose, we developed a computational model of a cell adherent on a substrate comprising cytoskeletal, nucleus, cytoplasm, and membrane components, and used this model to compute cellular deformation under fluid shear stress and substrate strain-loading conditions. By relating deformation computed by the cell model to our and other published experimental findings, we aim to propose why NO and PGE 2 release and collagen type I production should be so different due to both mechanical stimuli and discuss the implications of our findings for understanding cellular mechanotransduction and bone remodeling.
METHODS

Experimental protocol
Treatment of bone cells with fluid shear stress and substrate strain
We obtained primary human bone cells from bone fragments of 3 donors (2 males, 14 and 16 years; 1 female, 11 years) who received surgery after trauma. Human bone cells were prepared from small bone fragments, which were placed in 25 cm 2 tissue culture flasks (Sarstedt, Germany). The outgrowing bone cells were cultured in α-MEM, supplemented with 10% fetal bovine serum (FBS; Sigma-Aldrich), 50 µg/ml of ascorbic acid, 10 mM of β-glycerophosphate and 1% antibiotic-antimycotic solution (Sigma, St. Louis, MO). The cells were grown over two passages and were then plated, two days before each experiment, at 5 × 10 5 cells on polylysinecoated glass slides. Cells were cultured for 24 h in α-MEM containing 10% FBS, antibiotics and ascorbate, as described above. The amount of FBS was then reduced to 2% for 24 h incubation, and the subconfluent layers of cells were subsequently loaded either with fluid shear stress (0.6 ± 0.3 Pa, 5 Hz) for 1 h in a parallel plate chamber, as described previously (9), or with substrate strain (1,000 µε, 1 Hz) for 1 h using a four-point bending apparatus (16) . Untreated controls were kept in petri dishes containing 13 ml medium under similar conditions as the experimental cultures, that is, at 37°C in a humidified atmosphere of 5% CO 2 in air. The release of nitric oxide (NO) was measured as nitrite accumulated in the conditioned medium using Griess reagent, and prostaglandin E 2 (PGE 2 ) was measured using an enzyme immunoassay, as described previously (12) . The amount of collagen type I produced was measured by Western blot analysis. Comparisons between treated and control cultures were made using either the Wilcoxon signed rank test (NO and PGE 2 ) or the general linear model (collagen type I).
Computational cell model
Finite element method
The finite element method is a mathematical tool that can be used to calculate the deformation of three-dimensional shapes divided into a finite number of elements and nodes under any desired loading conditions. The method has proven a useful tool for insight into mechanobiology at the microscopic level where experimental measurements are often difficult (30) . In the present study the finite element method was used to develop a computational model of an adherent cell and to compute the deformation of a single cell as a result of fluid shear stress and substrate strain loading conditions. Cellular deformation was expressed as the displacement (µm) of the cell model, or as the von Mises stress induced in the various model components, relative to original material properties (% deformation). Von Mises stress (σ e , N.µm -2 ) combines the stress values in each direction: 
The cell model geometry, the material properties for each model component, and the loading conditions used to model both fluid shear stress and strain are described below. The finite element software ANSYS 7.0 (Canonsburg, PA, USA) was used.
Cell model geometry
On the basis of images of a spreading cell (Fig. 1) , a finite element model was developed to represent a spread bone cell adherent on a flat substrate (Fig. 2) . This idealized biomechanical model comprises a nucleus, an internal cytoskeleton of tensile actin and compressive microtubule elements, together with cytoplasm, and membrane components (Fig. 2) . The nucleus was formed from an ellipse with a major axis of 8 µm, minor axis of 5 µm, and a distance of 2 µm from the lower flat surface of the model representing the cell-substrate interface (Fig. 2) . The cytoplasm and nucleus components are meshed with 8-node lower-order hexahedral elements, and the membrane is meshed with four-node shell elements (Fig. 2) . Microtubule struts and microfilament cables are meshed with single link elements (2-node three-dimensional spar elements with a bilinear stiffness matrix), supporting compression-only and tension-only respectively (Fig. 2) . The end of each strut connects with four cables at 12 common nodes, which are also coincident with membrane and underlying cytoplasm nodes, and are therefore analogous to "receptor" sites or focal adhesion complexes (Fig. 2 ). This coincidence of nodes is achieved through either resizing of the solid cytoplasm (and membrane shell) elements, or by slight repositioning of nodes of the cytoskeletal elements.
The internal cytoskeleton in the model was formed by repositioning an originally rounded tensegrity structure (Fig. 3) to comply with the more spread shape of the model ( Fig. 1 and 2 ). This was achieved by establishing new positions for nine cytoskeletal receptor nodes (nodes 4 to 12 in Fig. 3 ) on the membrane surface of the model. To determine the exact new receptor positions, radial planes defined by the central axis of the model and the original positions of the receptor nodes in Fig. 3 were established. The intersection of these radial planes with the model surface ( Fig. 2 ) yielded lines along which the new nodal positions must lie. Points of intersection of these surface lines with horizontal planes that maintain the vertical proportions of the original tensegrity structure, that is, the planes defined by receptor nodes 4, 5, 6, nodes 7, 8, 9 and nodes 10, 11, 12 ( Fig. 3) , yielded new positions for cytoskeletal receptor nodes on the membrane surface (Fig. 2) . The original lengths and positioning of microtubule and microfilament elements are altered to comply with these new receptor positions to yield the configuration for the internal cytoskeleton in the biomechanical model (Fig. 2) . The cell-substrate interface of the model (Fig.  2 ) includes three end nodes (nodes 1, 2, 3 in Fig. 3 ) of microtubule struts, one from each orthogonal direction.
Constitutive modeling of cellular components
Material properties for cellular components of bone cells are currently unknown and were therefore estimated from published data for various cell types ( Table 1) . The cytoplasm and nucleus were treated here as linear elastic and isotropic continua. Following Kamm et al. (22) , the elastic modulus of the cytoplasm is chosen as 100 Pa. The nucleus has been reported as 4 times stiffer than the cytoplasm (32) and is therefore taken as 400 Pa. Poisson's ratio (ν) for both nucleus and cytoplasm is taken to be 0.37 (33) . In a model developed by Kamm et al. (22) , in which epithelial cell membrane elasticity was specified as 10 7 Pa with a thickness of 6 nm, it was concluded that membrane elasticity was likely overestimated. In the model a lower value of 10 3 Pa was therefore taken (with ν = 0.3), while maintaining the same membrane thickness. The elastic properties applied to the cytoskeletal components in the model are based on the elasticity values determined by Gittes et al. (34) , who measured the flexural rigidity (bending stiffness) of microtubules and microfilaments when subjected to thermal fluctuations. In the model the microtubules were assigned cross-sectional areas of 190 nm 2 , while the microfilaments are thinner with an area of 18 nm 2 . These values were also taken from the study by Gittes et al. (34) .
Application of fluid shear stress and strain loading conditions to the cell model
Boundary conditions
In our experiments, substrate strain and fluid shear stress treatment were applied to monolayers of subconfluent cells. In our modeling approach, it was therefore assumed that each cell was attached only to the underlying substrate and not to neighboring cells. This assumption allows us to compute the cellular deformation occurring as a result of fluid shear stress and strain treatment using a model of a single cell (Fig. 2) . Cytoskeleton nodes 1, 2, 3 and membrane nodes on the lower surface (cell-substrate interface) of the model were constrained in all degrees of freedom and are therefore analogous to focal adhesion sites in adherent cells. No initial strain (prestress) was applied to either microfilaments or microtubules, although microfilament prestress was subsequently varied to determine its impact on model results.
As the material properties assigned to cell model components are linear elastic and because geometric nonlinearities can be neglected given the very small displacements occurring, by computing the deforming effect of one magnitude of fluid shear stress or substrate strain, we can directly infer the deformations that would occur at various magnitudes of fluid shear stress or strain as used in other published studies.
Loading conditions to model substrate strain
We used the four-point bending apparatus; because the height of the adherent bone cells (< 7 µm) is small relative to the thickness of the bending substrate (200 µm), the bone cells were subjected to axial strain only and not to bending moments. This axial strain was calculated and subsequently confirmed by strain gauge measurements as 1,000 µε. To model the effect of this strain using the cell model, each node at the cell-substrate interface was displaced axially by 0.1% (1,000 µε) strain (Fig. 4A) . As Poisson's ratio (υ) for the glass substrate equals 0.3, the corresponding displacement of nodes in the lateral direction was taken as 0.03% strain (Fig. 4A) .
Loading conditions to model fluid shear stress
As the fluid flow in the parallel plate chamber (12) was laminar, it was assumed that the shear stress to which the cells were subjected was equal to the theoretical shear stress at the wall (calculated as 0.6 Pa). Recognizing that cellular dimensions (<7 µm) are small relative to the distance between the plates (~300 µm), it was assumed that this shear stress acts tangentially along the cell surface in the direction of flow. The forces applied to the cell model were found from the shear stress, denoted τ, distributed over the surface area exposed to fluid flow, denoted A S ,
From the model (Fig. 2) it can be found that This force was assumed to distribute evenly over the membrane surface area. The total force applied to each node is the sum of one quarter of the force assigned to each of its surrounding elements. As it is assumed that shear stress acts tangentially, nodal forces are then resolved to horizontal and vertical components based on the contact angle between each node and the cellsubstrate horizontal plane (Fig. 4B) .
RESULTS
We found large differences in bone cell responses to 0.6 Pa fluid shear stress compared with 1,000 µε substrate strain treatment. After 60 min, fluid shear stress caused a 7.1-fold increase in NO release and a 3.3-fold increase in PGE 2 release, whereas substrate strain caused only 1.65-fold and 1.3-fold increases in NO and PGE 2 release, respectively (Fig. 5A) . On the other hand, after 60 min and post-incubation for 24 h, collagen I production was increased 1.6-fold by substrate strain, whereas it was decreased 0.6-fold by fluid shear stress (Fig. 5B) .
The contour plots of displacements in the cell model due to both fluid shear stress and strainloading conditions illustrate that there are fundamental qualitative differences in the cellular deformation caused by both types of mechanical stimuli (Fig. 6 ). Fluid shear stress has a larger overturning effect on the bone cells, while the effect of substrate strain is focused on cellsubstrate attachments. These qualitative differences would also be predicted no matter what magnitude of stimulation was used. Maximum displacement due to 1,000 µε substrate strain was computed as 19 nm at the cell-substrate interface, whereas 0.6 Pa fluid shear stress caused a much larger displacement of 106 nm along the apical surface where resistance to deformation is minimal (Fig. 6 ).
The stress values induced throughout the cell model reflect the extent of cellular deformation and hence stimulation caused by both fluid shear stress and strain. The deformation predicted in all cell components is given in Fig. 7 . For example, the maximum stress induced in the membrane component is ~7.5-fold higher in fluid shear stress than in strain (Fig. 7) . These maximum stress values occur at receptor sites due to the more rigid underlying cytoskeleton. Although deformation is smaller in magnitude in the more internal parts of the model, that is, the nucleus and cytoplasm-nucleus region, it is noteworthy that the differences in deformation between both methods of mechanical stimulation are greater in this region (Fig. 7A) . This suggests that, in addition to causing higher deformation of all cellular components, fluid shear stress appears to transmit deformation more effectively to internal cellular regions than does substrate strain.
The cellular deformation that results from both mechanical stimuli can be related to the corresponding experimentally determined human bone cell responses to both fluid shear stress and substrate strain treatments; this involves correlating the results in Fig. 5 with those in Fig. 7 (see Discussion).
To investigate the stimuli under higher levels of substrate strain, we computed the strain that would yield a maximum membrane displacement equivalent to that caused by 0.6 Pa fluid shear stress. We found it to be 5,531 µε. The strain values required to induce equal stress in the nucleus were even higher (~8,200 µε) since deformation is not distributed uniformly throughout the cell model components.
By varying the material properties of the various components of the cell model, it was found that cytoplasm elasticity has a large influence on cellular deformation. For example, increasing cytoplasm elasticity by a factor of 2 (to 200 Pa) reduces nucleus deformation as a result of fluid shear stress from the original 0.48% to 0.34%. Decreasing cytoplasm elasticity to 50 Pa increases nucleus deformation to 0.6%. Variations in cytoplasm elasticity have less of an influence on cellular deformation under substrate strain-loading conditions, again indicating the more effective transmission of deformation in fluid shear stress. Increases in microtubule elasticity, or introducing prestress (initial strain values > 0) to the microtubule or microfilament elements, resulted in increased membrane and cytoplasm stresses in the region of receptor sites, but did not alter the overall differences in deformation between fluid shear stress and strain-loading conditions found in the model. This is because maximum displacements occur at points of least resistance, that is, at a distance from the cytoskeleton.
DISCUSSION
When we experimentally stimulated bone cells with 0.6 Pa fluid shear stress and 1,000 µε substrate strain, we found large differences in the release of NO and PGE 2 signaling molecules and in the production of collagen type I. When the experiment was analyzed with a computational cell model it was revealed that fluid shear stress of magnitude 0.6 Pa and substrate strain of magnitude 1,000 µε are quite different in terms of the pattern of cellular deformation that they cause. Fluid shear stress causes significantly higher displacement and stressing of all cell model components (i.e., cytoplasm, cytoskeleton, nucleus, and membrane) relative to strain. The differences in displacements and stressing predicted as a result of fluid shear stress and strain at these magnitudes are important in investigating the origins of these differences in cell responses found in our experiments (Fig. 5 ), but it also explains the results of other studies in which cellular responses to similar magnitudes of fluid shear stress and strain were also compared (18, 19) .
For example, we can explain that fluid shear stress, but not mechanical strain, induces increased PGE 2 release (reported here and in (18)) because it causes higher displacement and stressing of the membrane and cytoskeleton. It has been shown that 1) flow-induced PGE 2 release by bone cells is dependent on the cytoskeleton (35); and 2) fluid shear-induced increases in COX-2 expression (COX-2 is a key enzyme for PGE 2 production) involve reorganization of the actin cytoskeleton (36) . Therefore, it is very likely that increased PGE 2 activity may be related to higher displacement of the cytoskeleton in fluid shear stress as compared with strain. Similarly, the higher NO response due to fluid shear stress could be due to higher membrane stress because it has been suggested that mechanically induced formation of NO results from activation of endothelial cell nitric oxide synthase (ecNOS) in bone cells (11, 37, 38) . ecNOS is an enzyme bound to the plasma membrane that may be rendered susceptible to activation by increased stressing of the cell membrane (11) . We chose NO and PGE 2 as parameters of bone cell mechanosensitivity because 1) both NO and PGE 2 have been shown to mediate bone formation in vivo, since inhibition of either pathway around the time of mechanical stimulation prevents osteogenic response (39-44) and 2) several previous studies have consistently reported that NO and PGE 2 release are increased by fluid shear stress treatment over a range of time points (9-12, 18, 35, 45) .
Our findings of increased cellular deformation in fluid shear stress can also shed some light on experimental reports by You et al. (19) of significant increases in Ca 2+ due to oscillatory fluid flow treatment and not to physiological strain. These increases in Ca 2+ may be caused by higher membrane stress in fluid flow, particularly since it is known that stimulation of the plasma membrane influences ion channel activity that can elicit rapid intracellular Ca 2+ responses (46) . Finally, regarding the opposite effects that fluid shear stress and strain have on collagen I production as reported here, the model can provide an explanation because it predicts that there are much higher stresses on the cell substrate attachments under substrate strain compared with fluid shear stress. This possible mechanism of stimulating collagen I production in bone cells could equally apply to the other studies that report increased activity related to matrix production in response to strain stimulation (13, 14) .
We maintain that there is a biological basis for cell deformation when subjected to strain transmitted via the substrate because the frequency of applied strains (1 Hz) exceeds the rate at which new adhesion bonds can be formed. We contend that because strain-induced deformations have a basis, the fact that 0.6 Pa fluid shear stress causes even greater cellular deformation than 1,000 µε substrate strain means that fluid shear stress deformations must also have a biological basis. Although, this remains to be confirmed for bone cells, images of rolling leukocytes deforming (decreased cell height and increased cell-substrate contact length) under fluid shear stresses ranging from 0.2 to 1.5 Pa (47) support our contention that bone cells deform under fluid shear stress also. In the present study, we report that cellular responses to fluid shear stress of magnitude 0.6 Pa and substrate strain of magnitude 1,000 µε should not be considered equivalent because the deformation occurring on the cellular level is not equal. However, since deformation of the cell model will vary linearly, we can extend our model results to interpret cellular responses to both fluid shear stress and strain stimuli of varying magnitudes. For example, we found that increasing the magnitude of strain in the computational model (to ~5,500 µε) yields deformations in the range of those caused by fluid shear stress of magnitude 0.6 Pa. If, as our results suggest, the release of NO and PGE 2 signaling molecules is deformation-dependent, then such an increased magnitude of strain should result in equivalent cellular responses. In fact, this hypothesis is confirmed by several experimental findings. Higher NO release by bone cells has been reported at 3,400 µε (37), and 3,800 µε (48), and significant increases in PGE 2 release by primary human osteoblasts at 4,000 µε (49). Essentially, this further strengthens our explanation that the preferential in vitro stimulation of NO and PGE 2 release by fluid shear stress of magnitude ~0.6 Pa is as a result of the higher deformation of both the membrane and the cytoskeleton.
Many in vitro studies, including ours, report that bone cells respond to strain with increased collagen or matrix production (13, 14) or with increased proliferation (15) . Hence, applied strain induces cell behavior associated with the osteoblastic phenotype. This makes sense when we consider that the magnitude of strains applied are generally within the range of those occurring on the surface of long bones, that is, <2,000 µε (50), where osteoblasts are located (51) . On the other hand, bone cell responses to fluid shear stress in vitro do not appear to cause osteoblastic responses. Instead, these studies report increases in bone cell NO and PGE 2 signaling molecule release, both of which are thought to be involved in osteocyte mediation of bone remodeling (6, 9) . The shear stresses that induce these responses are in the range of those estimated to occur in the canalicular network where osteocytes are embedded (0.8 -3 Pa (5)). Hence, if the stimuli applied in vitro are representative of the in vivo mechanical environment associated with the anatomic location of either an osteoblast or osteocyte (i.e., if the estimates of strain (50) and shear stress are reasonable (5)), the responses induced in our (and others) bone cell cultures are generally responses that have been associated with cells of the osteoblastic or osteocytic phenotype. Furthermore, if the mechanical environment of osteocytes also includes high strains around the lacunae (strains up to ~27,000 µε have been predicted (51)), the experimental reports of increased NO and PGE 2 release at higher applied strain as described above (37, 48, 49) also support this hypothesis.
Although the material properties of adherent cells are time-dependent, in this study a static analysis was considered sufficient to compute the instantaneous structural response of a cell under imposed mechanical loads. Recognizing that certain experimental studies suggest the importance of strain rate (and not merely strain magnitude) in determining cell response (45, 52, 53) , a transient viscoelastic analysis would allow investigation of time-dependent changes in the cellular deformations reported here, under pulsating fluid flow and cyclic strain conditions. Our finding that cytoplasm properties have a significant influence on the transmission of deformation to the nucleus is attributed to the large volume of the cytoplasm relative to other components. This indicates the importance of determining precisely the viscoelastic properties and compressibility of the cytoplasm to better understand its role in the structural behavior of adherent cells. The material properties assigned to the cytoskeletal components of the biomechanical model have been used in previous models (28) . Similar properties have been estimated theoretically (54) and are in agreement with other experimental work (55) . To explain the excessive rigidity of these cytoskeletal components, it has been suggested by Gittes et al. (34) that movement may occur between filaments and tubules. Similarly, in our approach to modeling the structural contribution of cytoskeletal components, relative movement may also occur between interconnected microfilaments and microtubules. However, an improved approach to modeling the cytoskeleton would incorporate a means of transmitting deformation from the membrane to the nucleus, as suggested by Charras and Horton (56) . In our modeling approach, a specific tensile or compression-bearing role was not assigned to intermediate filaments because, according to Janmey (46) and Wang and Stamenovic (57) , their contribution to cellular rigidity only becomes significant above 20% strain; their properties were therefore assumed to be incorporated in those of the cytoplasm. Variation in the density of the model mesh (i.e., the number of elements) results in slight variation in the results reported, although the overall differences in deformation due to both fluid shear stress and strain methods remain consistent. The structural behavior of the cell model has been investigated (58) , while the quantitative relevance of the model has been confirmed (59), using loading conditions that replicate indentation of an atomic force microscopy probe (60) .
In summary, our findings have several implications. The differences in cellular deformation caused by both mechanical stimuli are important for interpretation of cellular responses to mechanical stimuli in vitro, regardless of cell phenotype, and in determining magnitudes of stimuli such that cellular responses could be directly comparable. Although we can conclude that deformations due to both 0.6 Pa fluid shear stress and 1,000 µε substrate strain are not equivalent, relating experimentally determined cell responses to fluid shear stress and substrate strain treatment to the corresponding predicted deformation patterns suggests a physical basis for bone cell responses to fluid flow and strain stimuli in several studies. Hence, our results highlight the importance of deformation on a cellular level and provide a qualitative and quantitative basis for independent roles for fluid flow and strain in bone physiology. (Fig. 2) is arrived at by altering the lengths and positioning of the microtubule and microfilament components in order to fit the cytoskeletal network to a wider spread configuration (Fig. 2) . See Materials and Methods for further explanation. 
